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A B S T R A C T
Magnesium alloys are a promising new class of degradable biomaterials that have a similar stiffness to bone,
which minimizes the harmful effects of stress shielding. Use of biodegradable magnesium implants eliminates
the need for a second surgery for repair or removal. There is a growing interest to capitalize on additive
manufacturing's unique design capabilities to advance the frontiers of medicine. However, magnesium alloys are
difficult to 3D print due to the high chemical reactivity that poses a combustion risk. Furthermore, the low
vaporization temperature of magnesium and common biocompatible alloying elements further increases the
difficulty to print fully dense structures that balance strength and corrosion requirements. The purpose of this
study is to survey current techniques to 3D print magnesium constructs and provide guidance on best additive
practices for these alloys.
1. Magnesium-based implants
Magnesium (Mg) alloys have emerged as a promising degradable
biomaterial for use in orthopedics [1–9], cardiology [10–17], respir-
ology [18,19], and urology [20]. The primary advantage of Mg is that
long term complications can be minimized or avoided because the de-
vice completely degrades away. In orthopedics, another primary ad-
vantage is that Mg has a more comparable modulus to bone that
minimizes the harmful effects of stress shielding.
To date, three companies have demonstrated clinical success and
achieved regulatory approval in Europe and South Korea. In 2013,
Syntellix received CE marking for a Magnezix® fracture compression
screw that has sold more than 50,000 units [21]. In 2015, U&i Cor-
poration received regulatory approval from the Ministry of Food and
Drug Safety in South Korea for orthopedic bone screws made from a
bioresorbable MgCa alloy referred to as Resomet [22]. U&i manu-
factures screws, K-wires, suture anchors, and pins with an Mg–Ca alloy
that completely degrades in 6–18 months depending on the application.
In cardiovascular health, Biotronik received CE marking for Magmaris
in June 2016 and is the first clinically proven bioresorbable magnesium
scaffold [23]. Although success has been demonstrated for smaller scale
implants, such as screws and pins, current manufacturing technology is
unable to provide bioresorbable constructs for more load-bearing ap-
plications that balance strength and corrosion requirements (Fig. 1).
Competing technologies that slow the corrosion rate of Mg-based
biomaterials are coatings, alloying, and surface treatments (Fig. 2).
Coatings run the risk of uneven breakdown and cracking. They may
only last a few weeks to a couple of months [24–26]. This may not be
sufficient for such implants to safely pass the necessary threshold re-
quired by the recovery of bone's structural integrity (Fig. 3). Once the
coating dissolves, uncontrolled corrosion of the alloy leads to excessive
hydrogen gas build-up in the body and loss in strength of the implant.
Alloying can slow degradation an order of magnitude or more,
which may still not be sufficient for many applications [27]. More
importantly, the addition of rare earth metals has shown the most
promise for improving the strength, but biocompatibility remains un-
certain [27–29]. Alloying elements introduce a new toxicity risk. Con-
trolled use of elements such as calcium, zinc, and manganese have
shown to be non-toxic to the human body [3]. Alloyed implants were
functional in the body for 6–8 weeks before degradation of the material
resulted in a loss in strength. The hydrogen gas released in small
quantities during the degradation of magnesium was considered
harmless and could be removed using subcutaneous needles. At the
microstructural level, these alloying elements affect grain size and
distribution. The composition at the center of a grain is different from
that at the grain boundary. The internal energy is higher at the grain
boundary, and hence, corrosion takes place at these sites first. Another
limitation of alloying is that regulatory approval is usually given for a
fixed composition and thus a fixed corrosion rate. Any change to the
alloy composition for a different patient population or application
would require further regulator regulatory approval.
An alternative solution to adjust the corrosion rate is surface
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treatments. Surface treatments offer clear advantages compared with
the other approaches. Laser peening, for example, is a mechanical
process where pressure waves caused by expanding plasma induces
deep compressive residual stresses (CRS) and hardening up to 6 mm
below the surface [30], which in turn, increases fatigue strength and
corrosion resistance. Further, manipulating peening process parameters
allows for tailoring degradation to patients' needs without biocompat-
ibility concerns from changing composition or introducing a coating.
Preliminary data has shown that mechanical surface treatments de-
crease Mg's corrosion rate [10,31–35]. The problem is that structural
integrity is prematurely lost once the traditional surface treated layer
degrades away [36].
2. Need for additive manufacturing of magnesium
Additive manufacturing (AM) of Mg alloys is of growing interest in
the community due to enabling design capabilities not achievable with
traditional manufacturing and its potential for development of biode-
gradable implants. Additive manufacturing of magnesium has been
demonstrated using powder bed fusion [37–43], wire arc AM [44,45],
paste extrusion deposition [46], friction stir AM [47], and jetting
technologies [48,49]. These processes have different process mechanics
and forms of raw materials. Each process yields AM components having
different structural properties. By manufacturing components in this
way, AM can be used to develop highly complex geometries that are
either difficult or impossible to make using conventional machining
processes. AM enables individualized implants that more closely align
with anatomical geometries. Also, AM reduces the manufacturing time
and cost for implants as multiple steps of conventional machining may
be eliminated and batch processing becomes feasible.
The ability to produce complex internal and external geometries
using AM enables the development of geometrical features that pro-
mote cell growth, proliferation, and bone regeneration. Scaffolds of
WE43, a magnesium alloy with yttrium and rare earth metals, printed
with pores as small as 600 μm demonstrated less than 25% toxicity in
vitro and maintained structural rigidity for four weeks (Fig. 4 and Fig. 5)
[50]. Furthermore, porous depositions are attainable using AM, which
may act as favorable sites for tissue adhesion that accelerate the healing
process. Porosity is adjustable across a 3D construct by manipulating
print process parameters, which will directly affect corrosion rates and
cell behavior.
The existing polymer based biodegradable implants lack the re-
quired strength to be used as load bearing orthopedic implants. The
similar stiffness between human bone and magnesium avoids stress
shielding and makes and ideal candidate for such load bearing im-
plants. Furthermore, a comparison of magnesium alloys with polylac-
tide polymer, which is an existing biodegradable polymer used for non-
load bearing implants showed higher bone cell generation in magne-
sium implants (Fig. 6) [2,51]. This experiment used magnesium and
polylactide femoral implant rods in vivo in guinea pigs.
3. Challenges with additive manufacturing of magnesium
In recent years, AM of reactive materials, particularly magnesium,
has been of interest in the research community and technology is being
developed to minimize the difficulties associated with 3D printing.
Magnesium is a difficult metal to 3D print due to its highly reactive
nature. Magnesium oxidizes uncontrollably in its pure form and must be
stored in a manner that prevents exposure to oxygen. Raw materials for
AM are available in powder, liquid resin, or wire forms. In this state, the
surface energy of the metal increases and poses a higher risk of reacting
with atmospheric oxygen to enable combustion. These risks have re-
sulted in inadequate research into manufacturing processes for mag-
nesium to be used as a potential biodegradable alloy. Specialized
Fig. 1. Schematic representation of (a) normal degradation of a plate/screw
construct in one year and (b) premature catastrophic failure due to stress
shielding and stress-corrosion cracking.
Fig. 2. Technologies to slow Mg corrosion: (a) coatings, (b) alloying, and (c)
surface treatments.
Fig. 3. Schematic diagram showing the intersection point between failure of
medical implant relative to bone recovery.
Fig. 4. (a) As-printed WE43 scaffold and (b) surface morphology of as-polished strut [50].
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equipment that is capable of printing magnesium in inert atmosphere is
required, while also ensuring safe means of material handling.
4. Powder bed fusion of magnesium alloys
Powder bed fusion (PBF) is an AM process in which thermal energy
is used to selectively fuse regions of a powder bed [52]. The powder bed
contains metal, polymer, or ceramic powder as feedstock. An energy
source directed towards the powder bed selectively scans and melts the
top layer of the powder bed. The powder bed then lowers and a fresh
layer of powder is spread over the melted layer (Fig. 7). This process
continues until the entire structure has been formed by stacking melted
layers of powder. The powder used in PBF varies between 20 μm and
150 μm but it usually tends to be on the lower end of this range.
PBF has a wide variety of parameters that can cause variations in
the chemical composition, mechanical properties, and geometry of
manufactured components. Accounting for all the parameters will be
tedious. Therefore, it is important to identify and focus on the im-
portant parameters, such as laser power, scanning speed, and layer
thickness. One way to determine the significant parameters in magne-
sium PBF is by design of experiments (DOE) [40]. DOE is a statistical
method that helps reduce the cost and time taken to find the significant
parameters by reducing the number of experiments. A magnesium
alloy, AZ31, consisting aluminum, zinc, and manganese was printed on
a PBF system [45]. The parameters influencing PBF of AZ31 were
analyzed using DOE, and it was seen that high laser power reduces
porosity drastically. It also shows that a reduction in laser scanning
speed at constant laser powder yielded porous parts. Hence, laser power
and scanning speed need to be carefully considered during PBF of Mg.
The parameters that affect PBF of Mg are described below.
4.1. Laser power and scanning speed
Lasers are the most widely investigated energy source for PBF of
magnesium alloys. Lasers cause a high concentration of heat to be fo-
cused over small regions of the powder bed for limited amounts of time
to melt the powder. This short-timed heat flux causes rapid heating and
quenching of the molten powder leading to rapid solidification. This
rapid solidification results in grain refinement, which enables the ma-
terial to withstand larger loads.
When magnesium alloy powder is subjected to high temperatures,
some elements in the powder undergo vaporization [39]. Powder va-
porization leads to a localized buildup of vapor pressure at the melt
pool during material deposition. The pressure causes molten material in
the melt pool to spatter outward, which leads to the formation of a low-
density structure. This also results in variations in chemical composi-
tion as compared to the original powder. Good solubility of the alloying
elements during AM is important for minimizing the formation of gal-
vanic cells in printed components that would interfere with corrosion
behavior [54].
Laser power and scanning speed significantly influence the melt
pool, vaporization, and resulting deposition in PBF. Although the ef-
fects of varying laser power and scanning speeds individually cause
alterations in the quality of depositions, it is difficult to describe their
effects individually. Together, they play a major role in determining the
energy density of the laser being transferred to the magnesium powder
[41,55]. Energy density (Ev) is given by equation (1):
=
∗
E P
S T V*  v (1)
where P, S, T, and V represent laser power, hatch spacing, layer
thickness, and scanning velocity, respectively. From this equation, it is
seen that the same energy density can be attained for different values of
laser powers and scanning speeds.
The majority of literature on printing magnesium pertains to alloys;
however, pure magnesium powder having spherical particles with a
mean size of 24 μm used at a relatively low energy density of 155.56 J/
mm3 yielded 97.5% dense depositions [56]. The relative density and
mechanical strength of the material reduced when the energy density
was increased or decreased.
ZK60 is a magnesium alloy with zinc and zirconium. When ZK60
powder was subjected to very high energy density of 1250 J/mm3,
magnesium and zinc elements within the powder underwent heavy
vaporization [39]. When the laser density was decreased to 250 J/mm3,
the melt pool stabilized and reduced the vapor pressure. As a result,
incomplete fusion of powder particles lead to a poor relative density of
82.25% (Fig. 8). A maximum relative density of 94.05% was achieved
at an energy density of 416.67 J/mm3.
WE43 is a magnesium alloy containing yttrium and neodymium as
the main alloying elements. A relative density of 99.4% was achieved
Fig. 5. CT-scans revealing evolution of corrosion
products in a 3D printed WE43 scaffold over 28 days
[50].
Fig. 6. Flouroscopic images of cross-sections of a (a) degradable polymer and
(b) and a magnesium rod with in vivo staining of newly formed bone [2,51].
Fig. 7. Schematic diagram of a PBF System [53].
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by printing WE43 at an energy density of 238 J/mm3 [54]. This sug-
gests that optimal print parameters for magnesium alloys tend to exist
at low energy densities at which the resultant part density is high and
vaporization of the alloying elements at the melt pool is low. There also
exist a minimum energy density level at which porosity increases. An
energy density of 18.8 J/mm3 achieved by decreasing the laser power
(195 W–135W) while simultaneously increasing the scanning speed
(800 mm/s to 1200 mm/s) resulted in the porosity increasing from
0.4% to 17% (Fig. 9) [57]. The dynamic strength measured by split
Hopkinson pressure bar testing decreased with lower energy densities.
WE43 alloy could also be used to build porous scaffolds composed of
diamond unit cells. It was possible to achieve a strut size of 400 μm in
the unit cells at a low energy density of 100 J/mm3 [58].
Mg–9%Al alloy was completely melted at a 15 W laser power and
scanning speed of 20 mm/s (Fig. 10) [59]. This corresponds to a laser
energy density of 187.5 J/mm3. Another study on the same material
found good depositions at an energy density of 155.6 J/mm3, which
indicates Mg–9%Al alloy may have a range of acceptable energy density
regions [38]. It is important to note that this range of energy density is
influenced by several parameters including powder quality and layer
thickness.
It was also observed that the optimal process parameters are dif-
ferent for obtaining dense structures as compared to obtaining struc-
tures having good surface quality (Fig. 11) [60]. A Mg–Al–Zn alloy
(AZ61) with mean particle size of 48 μm was seen to obtain good sur-
face quality at energy densities of 179–250 J/mm3. The alloy required
lower energy density of 156 J/mm3 to develop structures having 99.4%
relative density. The mechanical properties also improved at this lower
energy density for AZ61 alloy. Hence, a possible method to obtain
highly dense depositions with good surface quality is to use different
process parameters for the interior and surface of the depositions.
Optimal print parameters for another Mg–Al–Zn alloy AZ91D were
seen to be around 200 W and 0.09 m/min scanning speed [61]. The
corresponding energy density ranged from 83 J/mm3 to 167 J/mm3.
This result is complimented by another study on AZ91D which saw the
smoothest depositions at an energy density of 122 J/mm3, which shows
that a lower energy density is required for the AZ91D as compared to
Mg–9%Al [62].
Use of bioactive glass along with PBF printing of Mg–Zn–Zr alloy
(ZK30) has also been shown to improve corrosion resistance through in
vitro studies [63]. Bioactive glass promotes deposition of Ca–P com-
pounds, which are highly compatible and similar to bone minerals.
Interestingly, these depositions were performed at a very high energy
density of 1875 J/mm3. Corrosion resistance of the ZK30 magnesium
alloy in simulated body fluid was found to increase with rising quan-
tities of bioactive glass in the ZK30 powder mixture. Addition of 10 wt
% bioactive glass increased corrosion resistance and cytocompatibility
of the deposited alloy.
4.2. Layer thickness
The thickness of layers dictates the speed of the printing. Smaller
layer thickness results in a higher number of times the powder is spread
over the powder bed. A thick layer of powder spread over the powder
bed may result in insufficient melting. It was seen that the smoothness
of depositions for pure Mg powder existed only until the layer thickness
reached 0.25 mm [42]. Above 0.25 mm, the surface contained pores
(Fig. 12). With higher layer thickness, the amount of material in the
Fig. 8. Influence of laser scanning speed on relative density of ZK60 [39].
Fig. 9. Porosity of structures fabricated at (a) 40.6 J/mm3 produces dense structure and (b) 18.8 J/mm3 produces porous structure [57].
Fig. 10. Grain size variation of Mg–9%Al powder as a function of laser power
and scan speed [59].
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melt pool also increased. The powder then was seen to require higher
laser energy density to melt. Insufficient energy density leads to in-
adequate melting of powder particles and porosity in the depositions.
For AZ91, optimal layer thickness was in the range of 25–45 μm
[62]. Layers thicker than 50 μm saw a sudden increase in defects and a
fall in hardness. Interestingly, it was observed that varying layer
thickness did not influence the AM process as much as parameters like
hatch spacing and laser power.
4.3. Magnesium powder
The surface energy of the magnesium powder is high due to the
small particle size. As a result, Mg powder readily oxidizes and becomes
difficult to deposit in layers. Hence, alloying is generally used to reduce
oxidation sensitivity. Some of the common non-toxic alloying elements
include calcium, zinc, and manganese. These elements affect the ob-
tained grain structure, strength, and heat resistance of magnesium [64].
The quality of depositions is dependent on the powder particle size
(Fig. 13) [65]. Larger Mg powder particles with mean particle size of
43 μm achieved 96.13% relative density while smaller Mg powder
having mean size of 26 μm yielded depositions with 95.28% relative
density. Printing smaller powder particles raised the melt pool tem-
perature and resulted in aggressive oxidation. Even bigger powder
particles of 75–150 μm failed to form molten or sintered depositions
[55].
Alloying elements in magnesium used in PBF also affect the quality
of depositions (Fig. 14) [66]. A lower presence of aluminum in AZ61
magnesium alloy powder resulted in loss of relative density in the de-
positions, while Zn content higher than 1 wt% resulted in solidification
cracks and micro-cracks in the depositions.
4.4. Build envelope conditions
Chamber Pressure: Magnesium is a difficult material to use in
Fig. 11. Relative density obtained by PBF of AZ60 alloy [60].
Fig. 12. Surface of deposited pure magnesium for thickness of (a) 0.25 mm non-preheat, (b) 0.25 mm preheat, (c) 0.30 mm non-preheat, and (d) 0.30 mm preheat
[42].
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additive manufacturing due to its relatively low boiling point (1,093 °C)
in relation to its melting point (650 °C), and it has a low evaporation
heat of 5.272 kJ/kg when at ambient temperature [37]. The con-
sequence is powder evaporates instead of melting. One proposed solu-
tion was to over-pressurize the build chamber to raise the melting
temperature (Fig. 15). The melting temperature of magnesium in-
creased to 1220 °C by pressurizing the build chamber to 300 kPa. The
temperature of laser during printing can be increased due to increase in
melting temperature of Mg. Higher operation temperature also reduces
the dynamic viscosity of molten depositions, which affects layer
thickness and hatch spacing. It is important to note that an exothermic
reaction of magnesium powder with residual amounts of oxygen in the
pressurized build chamber can lead to an explosion, and therefore, is a
safety hazard.
Oxygen level: Magnesium has a high affinity for oxygen in
atmosphere to form magnesium oxide. Even under an inert atmosphere,
such as highly purified argon, small amounts of oxygen are present. At
temperatures above 400 °C, magnesium reacts with residual amounts of
oxygen to form magnesium oxide (Fig. 16) [67]. During PBF, the oxide
layer breaks down and settles at the grain boundaries. This creates
voids in the depositions, which leads to micro cracks. One way to re-
duce the oxidation is to increase the layer thickness. By this approach,
oxidation is reduced within layers and is concentrated at the layer in-
terfaces. Another way powder oxidation occurs is due to recycling of
powder. As the powder in the powder bed undergoes multiple heating
cycles, the proximity to the moving heat flux due to the laser can cause
powder oxidation due to exposure to high temperatures.
Preheating: Preheating the build platform affects build quality sig-
nificantly in PBF [42]. Preheating lowers the heat flux between the heat
source and powder causing depositions to be smoother and flatter
(Fig. 17). Preheating also improved the wettability and surface rough-
ness of 3D printed magnesium (Fig. 18).
5. Wire arc additive manufacturing of magnesium
An alternative method for additive manufacturing is wire arc ad-
ditive manufacturing (WAAM), which is a type of Directed Energy
Deposition (DED) AM. DED systems use focused thermal energy to fuse
Fig. 13. Surface morphology for PBF deposition of pure magnesium with (a) 26 μm and (b) 43 μm powder particle sizes [65].
Fig. 14. Defects in PBF of (a) Mg–1Zn and (b) Mg–2Zn. Modified from Ref.
[66].
Fig. 15. Magnesium phase diagram [37].
Fig. 16. Mass gain due to oxidation of Mg powder for different rates of heating
[67].
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materials by melting as they are being deposited [52]. WAAM based
DED systems (Fig. 19), have a metal wire that is fed at a constant rate
and melted by an arc onto the previously deposited layers. WAAM is
based on the two wire-based welding methodologies: tungsten inert gas
(TIG) and metal inert gas (MIG). Compared to other DED processes,
WAAM has the advantages of having a higher deposition rate, efficiency
in material usage, and a lower cost [68].
For MIG-based WAAM of AZ31B, speed and feed affect the micro-
structure of the sample [68]. Smaller grains were observed as the speed
and feed during the process was increased (Fig. 20). Also, WAAM was
found to produce higher density components compared to PBF. The
tensile strength of WAAM manufactured components were comparable
to rolled AZ31B. WAAM of magnesium alloy AZ80 M showed a mi-
crostructure similar to as-cast quenched AZ80 M alloy [44].
For TIG WAAM of AZ31 magnesium alloy, it was found that the
quality of depositions heavily depended on the arcing frequency during
the deposition process [45]. As shown in Fig. 21, ripples during de-
position become finer as the frequency of arcing is increased. With
higher pulse frequency, the surface tended to become smoother.
It was also observed that in all the depositions, fully dense parts
were obtained. The grain size of the alloy in the depositions also
changed significantly due to the variation in arc pulse as indicated in
Fig. 17. Surface of deposited magnesium for layer thickness of (a) 0.15 mm non-preheat, (b) 0.15 mm preheat, (c) 0.20 mm non-preheat, (d) 0.20 mm preheat [42].
Fig. 18. Effect of preheating on roughness of deposition [42].
Fig. 19. Material deposition for wire arc additive manufacturing [68].
Fig. 20. Optical micrograph of fabricated material [68].
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Fig. 22. Smallest grains were observed at frequencies of 5–10 Hz.
Coarser grains were seen when deposition took place at frequencies
higher or lower than this frequency. Also, the tensile strength was found
to be the highest at this frequency.
6. Paste extrusion deposition
The previously discussed techniques of AM were based on melting
and deposition of material. While the powder melting based processes
resulted in structurally strong parts, in some cases they may turn out to
be detrimental to production of high functioning magnesium implants.
For the implant to be readily accepted by the body and to fasten the
healing process, the implant material needs to resemble the bone tissue
composed of hydroxyapatite and collagen type I [46]. These are
ceramic-based inorganic and organic composites, respectively. The or-
ganic portion of the material cannot withstand the high temperatures
typically seen in the AM processes such as PBF.
Powder extrusion deposition is a process in which a paste is ex-
truded from a syringe over a base plate (Fig. 23). The base plate is
moved relative to the syringe to form the desired 3D contours. Once the
deposition is completed, the paste is dried to harden the deposited
material from the syringe. It should be noted that this process does not
involve high temperature heating. When pure magnesium mixed with
different percentages of gelatin for manufacturing scaffolds, it was
found that gelatin adds strength to the scaffolds. However, the overall
strength was still found to be much lower compared to other fusion-
based AM process. It is important to note that this process is still va-
luable for prospective magnesium implants as the paste used to man-
ufacture components can also contain drugs that can help quicken the
healing process of the body.
7. Friction Stir Additive Manufacturing of magnesium
Friction Stir AM (FSAM) is a type of sheet lamination process in
which sheets of material are bonded together to form a part [52]. FSAM
uses heat due to friction between rotating tool and layer to be bonded to
plastically deform and fuse layers of material together (Fig. 24). This
process imparts high strength and ductility to components. Components
manufactured from FSAM of WE43 Mg alloy exhibited very high
strengths and a tenfold increase in ductility as compared to stock WE43;
however, porosity remained a major issue [47]. As the heat due to
friction increased at higher tool rotational speeds, more material was
forced outward from the tool. Also, high amounts of residual stress were
Fig. 21. WAAM depositions of AZ31 at (a) 500 Hz, (b) 100 Hz, (c) 10 Hz, (d) 5 Hz, (e) 2 Hz, and (f) 1 Hz [45].
Fig. 22. Microstructure of depositions at frequencies of (a) 500 Hz, (b) 100 Hz, (c) 10 Hz, (d) 5 Hz, (e) 2 Hz, and (f) 1 Hz [45].
Fig. 23. Set-up for paste extrusion deposition [46].
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imparted into the material due to high thermal gradients in the weld
cross-section.
8. Jetting technologies for magnesium
8.1. Binder jetting
Binder jetting is an AM process in which droplets of liquid binding
agent are selectively deposited to join particles spread over a powder
bed [52]. One advantage of binder jetting is the ability to fabricate
structures at room temperature [69]. Incorporating organic, biologi-
cally active, or hydrated molecules within the bulk is possible. Printing
is accomplished by spreading a layer of powder on the build plate
followed by deposition of a binding agent that hardens and binds par-
ticles together. The process is repeated layer by layer until the desired
geometry is obtained. Binder jetting has an ideal particle size in the
range of 15–35 μm and has an approximate resolution of 20–30 μm.
Biodegradable magnesium phosphate (MgP) scaffolds were successfully
manufactured using binder jetting [70,71]. The tensile and compressive
strength of these scaffolds were comparable to the human bone.
8.2. Binder-less jetting
Binder-less jetting is a process in which capillary forces within the
powder act as the binding agent to adhere powder particles (Fig. 25)
[48]. A single phase solvent was used to adhere layers of pure Mg
powder. The deposited material was baked at 650 °C to sinter and
harden the printed part and exhibited no solvent contamination.
Binder-less jetting was used to print a Mg–Zn–Zr alloy with porosity of
29% and average pore size of 15 μm [49]. The material strength was
directly proportional to the holding time during sintering. It was pos-
sible to achieve a compressive strength of 174 MPa and a modulus of
18 GPa using binder-less jetting, which is comparable to human bones.
9. Biocompatibility and antibacterial properties of 3D printed
magnesium alloys
Magnesium has been shown to be biocompatible for the human
body in several studies [51,72,73]. The human body requires an intake
of about 350–400 mg of magnesium every day. Hence, the dissolution
of Mg2+ ions in the human body during the implant degradation is not
expected to cause any bodily damage. No risks of magnesium overdose
have been cited in literature. The only cited issue with in vivo use of
magnesium is the excess hydrogen formation due to corrosion reaction
within the human body [74].
Incorporating antibacterial characteristics into implants is im-
portant to prevent infections inside the human body. Magnesium does
not exhibit any antibacterial properties as seen in in vitro studies [75].
Bacterial activity reduced when traditionally manufactured and 3D
printed magnesium alloys were coupled with copper. However, tradi-
tional manufacturing methods have not been able to deliver good
quality Mg–Cu components due to issues of galvanic corrosion. AM has
been able to overcome this challenge for small amounts of copper in the
magnesium alloy below the solid solubility limit [75,76]. The mixing of
0.4 %wt copper powder with ZK60 was found to reduce Escherichia Coli
colony count to zero after 72 h under normal pH conditions.
Use of bioactive glass along with magnesium alloys has also been
shown to improve cytocompatibility [63]. Further, degradation re-
sistance of the ZK30 magnesium alloy in simulated body fluid was
found to increase with rising quantities of bioactive glass in the ZK30
powder mixture in PBF that would limit Mg ion release within the body.
10. Summary and conclusions
This work summarizes additive manufacturing technologies used to
print magnesium. Reactivity of magnesium makes it a difficult material
to print biodegradable implants due the high surface energy of the
powder and high electronegativity of the alloy that drives the rapid
corrosion rate within the human body. However, these challenges are
being overcome steadily by multiple approaches in AM. The attempts at
printing Mg using PBF, WAAM, paste extrusion deposition, FSAM, and
jetting technologies have been described with focus on their process
parameters. Powder bed fusion is the most widely investigated method
for printing magnesium alloys due to the relatively small heat flux and
complex internal and external geometries enabled by this technology.
Depending upon the type of magnesium alloy used, parts with a density
of 96.13% have been achieved. Creating near fully dense structures
above 99% remains a critical challenge in magnesium AM. Despite re-
latively high levels of porosity, the manufactured parts have demon-
strated the ability to retain stiffness up to four weeks in vitro. The
various factors that influence the AM processes discussed in this review
are summarized below:
Powder Bed Fusion
Laser Power and
Scanning Speed
A wide range of laser power and scanning speeds can be
deemed as optimal; however, a low laser energy density
between 50 and 200 J/mm3 is critical. High energy density
leads to element vaporization while low energy density
leads to insufficient melting of Mg powder. Energy density
is dependent of alloy composition.
Layer Thickness Layer thickness above 250 μm for pure Mg prevented
complete fusion and resulted in higher porosity
Powder Size Magnesium powder of 50 μm for pure Mg was seen to yield
better depositions compared to smaller or larger powders.
Particles that are too small result in higher rates of
vaporization and particles that are too big do not achieve a
full melt
Build Envelop Conditi-
ons
The vaporization temperature of magnesium increases with
higher chamber pressures. This facilitates higher operation
temperatures for printing Mg. However, safety risks in-
crease by this approach. Also, preheating of the work table
before printing leads to smoother depositions.
Wire Arc Additive Manufacturing
Deposition Speed
and Feed
Higher speeds and feeds of deposition resulted in more refined,
smaller grains.
Arc Frequency Small refined grains were observed at arcing frequency of
5–10 Hz for TIG WAAM. Grain size was found to increase
above and below this frequency range.
Fig. 24. Schematic of friction stir welding [47].
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Paste Extrusion Deposition
Extrusion
Temperature
Flowability of paste was found to increase at higher temperature
during extrusion.
Paste Compositi-
on
Higher quantities of gelatin in MgP-gelatin mixture resulted in
stronger manufactured samples. However, the strength was still
much lesser than other sintering or fusion based AM processes.
Friction Stir Additive Manufacturing
Tool Rotational
Speed
Higher tool force and speeds resulted in higher cladding tem-
peratures, which led to higher porosity in the components.
Tool Force Higher tool force increases temperature due to friction, and thus,
residual stresses in components increases.
Jetting Technologies for Additive Manufacturing
Binder Jetting 100% recyclability of powder.
Binding agent must be chosen carefully by considering its reactivity
with powder.
Binder-less Jet-
ting
Prevents contamination due to absence of binding agent.
Magnesium is a promising material for the biomedical industry due
to its biodegradability and biocompatibility. AM of magnesium enables
more intricate geometries and new design for manufacturing paradigms
linked to implant performance.
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